I. INTRODUCTION
A TRIAL fibrillation (AFib) is an irregular heartbeat (arrhythmia) which is caused by uneven and rapid discharge of electrical signals from pulmonary veins (PVs) and can lead to various heart-related complications. According to American Heart Association, estimated 2.7 million Americans are living with AFib and studies show that the AFib prevalence will be projected to 12.1 million cases by 2030 [1] . Radiofrequency (RF) ablation is a treatment technique which can electrically isolate PVs from the left atrium (LA) [2] - [5] . Despite achieving PVs isolation, the recurrence of AFib is common after RF ablation and the recovery of left atrial PVs conduction was found in patients during follow-up studies [6] - [8] . The main challenge for proper RF ablation is to ensure the full-thickness scar formation to achieve long-lasting PVs isolation [4] , [9] , [10] . To achieve transmural lesions, sufficient RF ablation energy needs to be delivered to the local tissue to minimize the excitable tissue recovery [11] , [12] . Apart from RF ablation energy, lesion formation is dependent on several other variables including catheter tip size, orientation, duration of ablation, and catheter contact force [13] - [15] . Studies have shown that catheter contact force is an important determinant of lesion size for over 20 years [16] - [20] , yet only recently the tip-to-tissue contact force in real-time was studied [21] - [24] . Data from the studies suggest that an RF ablation catheter guided by contact force requires one third less fluoroscopy, has higher success rates, and is faster compared with its standard counterparts [21] - [24] .
The fundamental function of the contact force sensor for an RF ablation catheter is to detect normal and tangential forces and few studies have been carried out to fabricate such force sensors [25] - [30] . Some important parameters for contact force sensors include thickness, flexibility, sensitivity, and mass-fabrication capabilities. Soft materials like Polydimethylsiloxsane (PDMS), Poly(methyl methacrylate) (PMMA), conductive rubber were used to skirt these aspects and simplify fabrication approaches [25] - [27] , [30] . In all these techniques, though the force sensor can be miniaturized, the packaging makes the whole system bulky. The capacitive sensing force sensor shows high sensitivity and resolution but requires a signal conditioning unit closer to the sensor to avoid parasitic capacitance [29] , [31] .
A strain gauge can act as a force sensor as its electrical characteristics change with mechanical deformation. The parameters like sensitivity (i.e., gauge factor (GF)), stretchability, fabrication cost, the speed of response, and stability are governing factors for high-performance force sensors. Conventional strain gauges require low fabrication cost but have poor stretchability and sensitivity [32] , [33] . In the biomechanics, physiology, and kinesiology applications, stretchable and sensitive force sensors capable of accommodating large strain are required [34] . Research has been carried out on miniaturized sensors such as the tri-axial force sensor on a surgical scalpel [35] , the catheter with tactile sensing for RF ablation [36] , [37] , and the array of pressure sensors to obtain the information of the catheter in contact with vascular vessels [38] .
PDMS elastomer has high oxygen and low water permeability, and is an inert biocompatible elastomeric material [39] . PDMS is also used as a structural material for fabricating force sensors due to its flexibility and biomedical compliance with human tissue [40] , [41] . Besides, the Young's modulus of a PDMS substrate can be less than 1/1000 of that of a Kapton substrate [42] and a PDMS substrate can be as flexible as human skin [41] . Therefore, PDMS is a better choice as the substrate of flexible force sensors. Poly(3,4-ethylenedioxythiophene) (PEDOT) polymer has thermal and electrochemical stability, high electrical conductivity, and transparency. As this polymer is insoluble, it is available in its oxidized form in combination with polystyrene sulfonic acid (PSS) (water-soluble polymer). Combining PSS to PEDOT causes the attachment of PEDOT segments to the long chains of PSS and allows the dispersion of PEDOT in water [43] . The PEDOT:PSS conducting polymer has a wide range of applications from antistatic coating, electronic, optoelectronic devices [44] , humidity sensors [45] , and strain sensors [46] , [47] .
In this work, we present the design and fabrication of a novel three-dimensional (3D) force sensor for tri-axial contact force measurement, which can be integrated on a catheter. A conceptual diagram of a catheter integrated with the 3D force sensor for measuring contact force applied by tissue around PVs is shown in Fig. 1 . The 3D force sensor consists of a plastic cubic bead with each of its five sides integrated with a flexible force sensor, which was made of a PEDOT:PSS strain gauge and a PDMS bump on a flexible PDMS substrate, so the 3D force sensor is capable of measuring tri-axial contact force simultaneously. To characterize the fabricated 3D force sensor, it was tested under varying compressive force exerted by a micromanipulator via a plastic stick. To understand the influence of the force exerted by soft tissue and flowing liquid, the fabricated 3D force sensor was pressed against the phantom tissue made from gelatin and immersed within flowing deionized water while the output voltage was measured. The schematic diagram of the 3D force sensor is shown in Fig. 2(a) and its fabrication processes are illustrated in Figs. 2(b) to (d). 
II. MATERIALS AND METHODS

A. Sensor Fabrication
The flexible force sensor was fabricated on a PDMS polymer substrate and a three-mask process was used in its fabrication. The process flow for its fabrication is shown in Fig. 2 (b) and described as follows: (i) Silicon (Si) wafer (4 inch diameter and 550 μm thickness) was used as the substrate which provided structural support during fabrication; (ii) Silicon dioxide (SiO 2 , 0.5 μm thickness) was grown on the silicon wafer. PDMS (SYLGARD ® 184, Sigma-Aldrich, USA) (200 μm thickness) was spin-coated on the wafer and cured at 125 • C for 25 minutes. The thickness of the PDMS layer, ranging from hundreds of microns down to a few microns, could be controlled easily by the spin speed.
Then, PEDOT:PSS (0.5 μm thickness) was spin-coated on the PDMS layer and silver (Ag) film (0.1 μm thickness) was deposited over the PEDOT:PSS film as a protective layer. Another protective layer for PEDOT:PSS could be parylene, but there would be a risk of damage to the surface of the PEDOT:PSS film when parylene is etched at the end of the process; (iii and iv) Positive photoresist (PR) was spin-coated on the Ag/PEDOT:PSS film and patterned using soft contact photolithography (Mask 1). Due to the mismatch of the coefficient of thermal expansion (CTE) between PDMS and PR, rapid temperature change may result in cracks in the PR layer. To avoid the cracking, the PR layer after coating was settled down for 6 minutes and baked in an oven for 1 minute at 60 • C before UV exposure. The exposed silver was etched with silver etchant followed by oxygen plasma etching of PEDOT:PSS. Then, the PR layer is stripped off and the silver on the patterned PEDOT:PSS film is etched to form a PEDOT:PSS strain gauge; (v) Cr/Au (0.02 μm / 0.5 μm thickness) film was deposited using e-beam evaporation and patterned using lift-off technique to form the contact pads for the strain gauge (Mask 2). A PDMS bump (2200 μm × 2200 μm × 900 μm, L × W × H) was fabricated separately as shown in Fig. 2 
(c).
After processing the surfaces of the PDMS substrate and PDMS bump in the ICP Oxygen plasma for 40s at 50W and 1 Torr pressure, the PDMS bump was aligned with the strain gauge at their respective centers using an optical microscope (Leica Microsystems ® ) and pressed on the PDMS substrate for 60s followed by heating the device at 90 • C for 2 minutes to achieve successful bonding; (vi) The PDMS substrate was peeled off from the oxidized silicon wafer to realize the flexible force sensor.
The process flow for fabricating the PDMS bump, as shown in Fig. 2(c) , includes the following steps: (i) Si wafer (4 inch diameter and 550 μm thickness) was used as the base; (ii) SiO 2 (0.5 μm thickness) was grown on the Si wafer, patterned using photolithography (Mask 3), and etched using reactive ion etching (RIE), followed by Si etching using deep reactive ion etching (DRIE) to create a 400 μm deep pit (2200 μm × 2200 μm, L × W); (iii) PDMS was spin-coated on the wafer and cured at 125 • C for 15 minutes; (iv) The PDMS layer was released from the wafer to realize a PDMS bump. The total height of the bump is 900 μm (400 μm from the pit and 500 μm as the surface thickness). The selected PDMS curing temperature was close to the median of the recommended range [48] , such that the fabricated PDMS bump was not too rigid, which would result in the easy breakage of the strain gauge, or too soft, which would result in the low sensitivity.
A plastic cubic bead made of VeroWhite material using a 3D printer (Objet Eden350V ® , Stratasys, USA) with the dimension of 4000 μm × 4000 μm × 4000 μm (L × W × H) was used for fabricating the 3D force sensor. SiO 2 (1 μm thickness) was deposited on all the sides of the bead using the technique of plasma enhanced chemical vapor deposition (PECVD) and five fabricated strain gauges with PDMS pumps were attached on the individual sides to realize the 3D force sensor as shown in Fig. 2(d) . The size of the active area for each flexible force sensor is 
B. Sensitivity Analysis
Normal force applied on the strain gauge deforms the gauge pattern and changes its electrical resistance. An ideal force sensor should be highly sensitive to external load, which means a relatively large change in electrical resistance under a certain amount of normal force. To validate our gauge pattern design made of square spirals shown in Fig. 4 (left) , we compare it with another pattern design made of circular spirals shown in Fig. 4 (right) in terms of sensitivity, which was adopted for pressure sensing based on microchannels and liquid conductors by Yong-Lae Park's group et al. [49] . Several assumptions are made: (1) In the force free state, both patterns have the same material length (L 0 ) and same segment width (b), resulting in the same planar area; (2) In the force free state, both patterns have the same distance (d) between neighbouring pattern segments; (3) The electrical resistance of the gauge pattern exclusively depends on the length of the 
where
, and they denote two circular spirals with a phase shift of π. a determines the speed of the locus moving away from the origin point and θ 0 represents the span of the two spirals. The fact that the distance between neighbouring spiral coils is d yields: a = d/π. The material length of pattern (ii) before deformation is given by:
By making L 0 = 11D to satisfy the assumption (1), θ 0 is solved as 5.6π. The sensitivity of a strain gauge for tensile strain measurement is equal to the ratio of the relative resistance change to the tensile strain. Therefore, the sensitivity of a strain gauge for normal force measurement can be defined as the ratio of the relative resistance change to the normal pressure, which is given by:
where R e is the value of electrical resistance in the force free state, R e is change of electrical resistance when normal force is applied, p is the uniform normal pressure on the sensor, and L d is the length of gauge pattern in the deformed state. Based on assumptions (1) and (2), the indent shapes on the PDMS substrates caused by normal force are assumed to be the same for patterns (i) and (ii). This is verified via simulation in SolidWorks by applying 0.2 MPa pressure on the active area of modeled force sensors without PDMS bumps, as shown in Fig. 5 . The view of the cross section through the indent vertex indicates that the indent can be modeled as a paraboloid. By defining R as the indent radius on the surface of the bump, 
where R is the paraboloid radius on the surface of the PDMS substrate and H is the depth of the paraboloid at its vertex, as shown in Fig. 6 . It is assumed that R is equal to √ 2D/2 for pattern (i) and aθ 0 for pattern (ii) to cover the gauge pattern with the least value of R. The deformation of the strain gauge under normal force can be regarded as a process of projecting each point (P(x, y)) of the gauge pattern from a planar surface to a point (P (x , y , z )) on the paraboloid by a nonlinear transformation. Since the applied force is normal, the projection does not cause displacement in x − y plane, so the vertical displacement of P can be derived from Eq. (4) as:
The length of each pattern before and after deformation can be respectively calculated by: 2 , where S and S are the collections of points P and P on the planar surface and paraboloid, respectively. By applying p from 0 MPa to 0.2 MPa with an equal interval of 50 kPa in simulation to obtain the simulated values of H , the values of analytical sensitivity for patterns (i) and (ii) (G F i and G F ii , respectively) are calculated and shown in Table I . The results show that pattern (ii) has a much lower sensitivity than pattern (i), because the circular spirals are close to the contours of the paraboloid and the length change caused by the normal deformation is very limited. Pattern (i) has relatively high sensitivity, because each of its straight segments bends to a parabola after the normal deformation. Fig. 7 shows the schematic diagram of the calibration setup for the fabricated 3D force sensor. The setup primarily consists of a commercial micromanipulator (MP-285, Sutter Instrument ® , USA), a commercial load cell (MLP-10, Transducer Techniques, USA), and a plastic stick with a flat tip. During calibration, the stick was actuated by the micromanipulator to normally press the PDMS bump of each flexible force sensor with three maximum displacements (400 μm, 600 μm, and 900 μm), resulting in the resistance change of the strain gauge. Each strain gauge was connected in an individual Wheatstone bridge circuit, such that the resistance change can be converted to voltage output, which was amplified by an instrumentation amplifier and collected by a data acquisition card (DAQ, Model 626, Sensoray, USA). Since all the strain gauges work independently, the crosstalk among the sensors does not need to be considered. A voltage follower circuit was used for the effective isolation of the output from the signal source and to avoid the loading effect. The system diagrams are shown in Fig. 8 and the calibration results for a typical flexible force sensor are shown in Fig. 9 . The relationship between the force measured by the commercial load cell and the voltage output by the flexible force sensor is almost linear when the compressive force is between 0g to 40g and the R-square value in this linear range is equal to 0.9979. To create transmural lesions and avoid the risks of excessive tissue heating and AFib recurrence, the recommended pressing force applied to tissue in RF ablation is between 20g to 30g [50] . Therefore, the fabricated force sensor is capable of monitoring the catheter contact force in the RF ablation surgery.
C. Experimental Setup
To investigate the influence of soft tissue on the fabricated 3D force sensor, the phantom tissue made from 12% by weight Knox gelatin (Kraft Foods Global, Inc., USA) was prepared. To characterize its stiffness, the gelatin slab was vertically indented by 6 mm by an aluminum stick with a parabolic tip under the actuation of the micromanipulator as shown in Fig. 10(a) . Meanwhile, the reaction force during the indentation process was measured by the commercial load cell. Based on the Hertz model [51] and Matlab ® Curve Fitting Toolbox TM , the stiffness of the gelatin tissue was calibrated to be 19.8 kPa, which was close to the passive stiffness of normal heart muscles [52] . Then, the aluminum stick was replaced by a plastic stick integrated with the fabricated 3D force sensor on its tip as shown in Fig. 10(b) . By moving the micromanipulator downward, the flexible force sensor on the bottom can press the gelatin tissue. When the sensor output voltage was measured in this process, the contact force was also measured by the commercial load cell. Since the flexible force sensors are similar when they are individually actuated to press the gelatin surface, we only tested the flexible force sensor on the bottom.
To evaluate the working performance of the fabricated 3D force sensor within simulated blood flow, the sensor was integrated with a commercial catheter (Coloplast SpeediCath ® on its tip and placed inside a tube (10 mm inner diameter, similar to the diameter of PVs [53] ) with deionized water flowing through the tube, as shown in Fig. 11 . Duct tape was used to seal the entry hole on the tube wall after the catheter was inserted. Experiments were carried out to calibrate the relationship between the voltage applied to the water pump (DC50C-2465A, ZKSJ Co., Ltd) and the flow rate. The dynamic pressure ( p) for incompressible fluid is given by: p = Fig. 2 ) faces the water flow, so the sensors on side I, II, III, IV, and V (see Fig. 2 ) are the bottom, front, right, left, and rear sensors, respectively. The water flow was supplied for 10s followed by a rest period of 10s. At each flow rate, two individual tests (Test 1 and Test 2) were performed. (f) The voltage output change after the sensors were immersed into the still water.
density and flowing speed, respectively. By assuming water to be incompressible, three flow rates (2.1 L/min, 3.5 L/min, and 5.2 L/min) were selected to simulate the normal blood pressure within PVs in the left atrium [55] . The estimated compressive force applied on the top of the PDMS bump that faces the water flow is around 0.2g if the flow rate is equal to 5.2 L/min, which is much smaller than the contact force applied by the soft tissue. Hence, a high amplification gain and a low-pass filter circuit were used to amplify the output voltage and reduce noise. At each flow rate, two experiments were individually performed and the water flow was supplied by the water pump for 10s followed by a rest period of 10s in each experiment.
III. RESULTS AND DISCUSSION
The 3D force sensor with PDMS bumps was simulated in SolidWorks by applying 0.5N normal force on the PDMS bump of each flexible force sensor. In the simulation, the monomeric units of the elastomer (PDMS) that are tangled with each other get strained. These tangled chains reconfigure themselves to distribute the applied force which contributes to the bending of the PDMS substrate. The displacement of the membrane and the stress distribution are shown in Fig. 12 .
In the gelatin tests, the performance of the flexible force sensor was compared between with and without the PDMS bump when the bottom flexible force sensor was pressed against the gelatin tissue. In each experiment, the micromanipulator moved at the speed of 50 μm/s for 100s followed by a retrieve period of another 100s. Fig. 13 shows that the flexible force sensor with the PDMS bump relatively precisely measured the contact force applied by the gelatin tissue based on the previous calibration results with the rootmean-square error (RMSE) equal to 0.8896g. Fig. 14 shows that the flexible force sensor without the PDMS bump reached an output saturation quickly and failed to measure the contact force. This is because that when the gelatin tissue was pressed by the sensor without the bump, a paraboloidal concave was formed on the gelatin surface, resulting in a gap between the gelatin and the strain gauge. Therefore, the contact force was primarily applied on the contact pads and the surrounding inactive area, rather than the strain gauge. When the PDMS bump was used, the gap was filled by the bump and the contact force was continuously applied on the strain gauge via the PDMS bump during the pressing process.
In the evaluation tests within deionized water flow, the responses of all the five flexible force sensors are shown in Figs. 15(a) to (e). The resistance change of the flexible force sensor was a synthetic result of the water electroconductivity and the compression by the water flow. Fig. 15(f) shows that the output voltage decreased when the sensor was manually immersed into the still water at 10s, because the total electrical resistance decreased when the water acted as an additional resistance in parallel to the strain gauge. Compression by the water flow on the top and sides of the sensor bump can increase and decrease the sensor resistance, respectively, and it is assumed that the pressure applied on the bump surface facing the water flow is much higher than the pressure on other surfaces. When the water flow was supplied, the resistance decrease caused by the water electroconductivity was the dominant factor, so the output voltage decreased, as shown in Figs. 15(a) to (e). For the front sensor, the compressive force applied on the top of the PDMS bump increased when the flow rate became higher, causing the increase of the output voltage, as shown in Fig. 15(a) . For the rear sensor, strong turbulence occurred when the flow rate was 5.2 L/min, causing a smaller compressive force on the top of the PDMS bump and a decreased output voltage, as shown in Fig. 15(b) . As shown in Figs. 15(c) to (e), the increase of the output voltage for the bottom, left, and right sensors at higher flow rates was limited, probably because the area of the side of the bump was very small. Due to the high amplification gain and the limited resolution of the potentiometer, it was difficult to set the initial output voltage to be zero and the value varied among individual tests. To reduce the influence of the electroconductivity of blood and tissue liquid on the sensor reading in a real circumstance, the PEDOT:PSS strain gauge can be further insulated by using a polyester resin (Bectron ® DP 8401 VP, Elantas Beck) [56] .
IV. CONCLUSION
The presented work shows the design, fabrication, and application of a 3D force sensor to measure the tri-axial catheter contact force. The device is not only simple to fabricate but also small enough to be integrated on the catheter tip. The 3D force sensor is composed of a plastic cubic bead and five flexible force sensors integrated on the sides of the bead. Each flexible force sensor was fabricated using existing microfabrication technologies. PDMS and PEDOT:PSS were used as the substrate and sensing material, respectively. The fabricated flexible force sensor has a relatively large linear measurement range which is promising for the contact force measurement in RF ablation. To evaluate the fabricated 3D force sensor, it was pressed against the gelatin tissue with stiffness similar to the heart muscles by a micromanipulator. A commercial catheter integrated with the fabricated 3D force sensor was placed inside deionized water flow to measure the response of all the flexible force sensors. In our future work, our focus would be on the further miniaturization of the sensor, sensitivity improvement, and fabrication of an array of flexible force sensors. We also plan to improve the design of the flexible force sensor to increase its linear measurement range. In addition, we are envisioning integrating the sensor array on a steerable robotic catheter and measure small contact force within an environment mimicking the ventricular and vascular system.
